Abstract-The present generation of devices based on opto-acoustic and acousto-optic conversion lets us foresee the possibility of realizing complete miniaturized transmitting-receiving transducers, able to generate and detect wideband ultrasounds by laser light. In the present paper, a miniaturized ultrasonic transducer entirely based on fiber optic technology is proposed. Such a device springs from the conjunction between our research, which has produced a highly efficient fiber optic opto-acoustic source, with the results obtained by other researchers concerning the realization of an ultrasonic receiver based on optical interferometry. Making use of the thermo-elastic effect for ultrasound generation, a source of ultrasound can be obtained by coupling a fiber optic to pulsed laser, if a film capable of absorbing laser light is placed onto fiber end. Starting from these remarks, we propose an efficient opto-acoustic source, able to generate pressure pulses with amplitude of the order of 10 4 Pa and bandwidth extending up to 40 MHz and beyond by using graphite materials as absorbing film. This solution makes use of a low-power pulsed laser as optical source possible. An ultrasonic receiving element was realized placing a Fabry-Perot cavity over the tip of a fiber optic. The cavity thickness modulation induced by ultrasonic beam is detected by an interferometer optical technique. We have realized a prototype of a receiving device that exhibits a sensitivity comparable with that of piezoelectric devices (10-100 nV/Pa) and an almost flat bandwidth extending up to 20 MHz or more. The extreme miniaturization of the resulting ultrasonic transducer, together with its wide ultrasonic frequency bandwidth, is the first step toward ultrasonic tissue biopsy. In this paper, before discussing the problem of constructing a complete ultrasonic transducer composed by a transmitter and receiver, the results carried out in these fields during the last decade are reviewed.
I. Introduction
M uch recent progress in clinical applications of echography demand for miniaturized and wide bandwidth ultrasonic probes. Wide-band ultrasounds lead to improved spatial resolution; in addition, they allow spectral analysis of echo signals, a technique that resulted effective in clinical diagnosis [1] . However, the diagnostic power of this technique strongly depends on the available ultrasonic bandwidth for differentiating media, thanks to their frequency selective interaction. Spencer et al. [2] captured 30 MHz intravascular ultrasound data from postmortem coronary arteries, in order to characterize atherosclerosis plaques by radio frequency signal spectral analysis. Watson et al. [3] , using a 30 MHz scanner, found that an appropriate processing of radio frequency signal, derived from coronary plaques, is capable of predicting the histological classification. Spectral analysis of skin tumors [4] and of in vivo prostate, by conventional piezoelectric apparatus, has been carried out also [1] . Real time processing [5] and dedicated fast electronics [6] , [7] suitable for this kind of investigation, based on radio frequency signal acquisition, have been developed and are presently available.
In many cases, high-frequency ultrasounds can be adopted only in conjunction with intravascular or intraluminal techniques because they suffer from high attenuation. The acoustic attenuation coefficient in organic tissue is of the order of 1-2 dB/MHz/cm. Thus, it is necessary to approach the region of interest by inserting the probe, which must be conveniently miniaturized, inside a catheter or a needle. Some remarkable exceptions are the analysis of skin tumors, eye, ear, and other typologies of superficial tissue. Intravascular probes have a tremendous importance in clinical diagnosis, and their structure has been reviewed by Neely [8] .
The present generation of transducers for clinical echography usually adopts piezoelectric transducers [9] , that exhibit good fractional bandwidth, but with an absolute bandwidth not large enough to guarantee a satisfactory axial resolution, and to perform ultrasound tissue characterization by spectral analysis. Usually, large absolute bandwidth is obtained by mechanically damping the oscillations, which in turn causes a detriment of efficiency. Piezoelectric ceramics offer high sensitivity, but their poor acoustic impedance matching to liquids results in a very nonuniform frequency response. In addition, piezoelectric transducers need wiring, high-voltage excitation, and electrical isolation. They generate electromagnetic interference and suffer from cross-talk effect because, usually, the same element is used both to transmit and to receive. Polyvinylidene fluoride (PVDF)-based transducers are sometimes used in biomedical echography as well. They ensure a uniform frequency response because of their good acoustic matching to water, but they present a lower transmitting sensitivity than piezoelectric ceramics [10] .
The present state of opto-acoustic and acousto-optic device technology lets us foresee the possibility of realizing a miniaturized transducer able to treat wide band ultrasounds. The idea is to use thermo-elastic ultrasound generation (TUG) [11] - [16] in conjunction with a fiber-based interferometric receiver [17] , [18] . Because these solutions are based on fiber optic technology, a strong miniaturization can be obtained, making the resulting transducers suitable for the construction of intravascular, endoluminal, and percutaneous probes [19] . Such probes might make it possible to trace a path toward virtual biopsy [15] , [20] - [22] ; in fact, according to recent developments [15] , [20] , wide-band ultrasonic transducers could be placed in close proximity of a tumor by a catheter or needle.
Virtual biopsy is a perspective to give physicians the possibility of studying the nature and health condition of small portions of living tissue in situ by using ultrasounds. A possible investigation technique would be based on the processing of A-mode radio frequency echo signal to extract significant local spectral parameters to be associated to the structure of the portion of tissue under test [1] .
Some problems connected to the application of traditional biopsy to particular tumors may be overtaken by this new technique, which requires no extraction of suspected material. In fact, the growth rate of many tumors greatly accelerates when a portion of the pathological tissue is surgically removed; and, with the proposed solution, the contamination of surrounding tissue, induced by the extraction, would be avoided.
II. Thermoelastic Ultrasound Generation

A. Overview
The TUG takes place when a laser pulse hits an optical absorbing sample. The following thermal expansion of the material generates a shock wave, which can be used for medical diagnostic and material testing purpose [13] , [19] . Starting from the studies of White [23] , TUG in solids and fluids has been widely studied [24] , [25] , and currently permits acoustic intensities comparable with those of shortpulse piezoelectric sources to be obtained. The intensity of the generated signal is related to physical characteristics of materials and to the intensity of the impinging light, which must be smaller than the ablation threshold (of the order of 10 MW/cm 2 for metals and of 1 MW/cm 2 for many other materials [26] ). The ablation process leads to ultrasound generation as well; laser ablation is a powerful tool to generate intense pressure pulses in metals, but it is not suitable for biomedical applications because the system under test is damaged during this process.
The TUG possesses many appealing characteristics. The electrical power supply and electronic systems are totally remote; no couplings are needed between the medium under test and the source. It easily allows generation of wide-band signals, and a flat spectral distribution can be obtained. The spectrum of the generated ultrasound is related to the Fourier transform of laser intensity waveform, and signals with a bandwidth higher than the one generated by piezoelectric transducers can be obtained easily. The TUG-based devices possess excellent electromagnetic compatibility because electrical wiring is not needed. Beam characteristics of laser-generated ultrasound can be partially controlled by changing the ratio between the laser pulse duration τ and the laser spot diameter, which can be imposed by appropriate lens choice [27] , [28] . A large spot diameter with respect to c·τ determines a small beam aperture, and vice-versa, c being the material sound velocity.
The TUG is widely adopted in nondestructive testing of structures and materials. Important applications of laser-ultrasound have been developed for flaw detection and materials characterization [29] - [34] . Typical measurement configurations for flaw detection are schematically depicted in Figs. 1(a) and (b). In particular, Fig. 1(a) refers to an ultrasonic transmission technique, and in Fig. 1(b) echo detection is used. Thermo-elastic effect also has been used to generate surface waves, which are important in integrated optic devices for telecommunications [29] , [30] . Lanza et al. [26] proposed to produce surface waves by using a spatial illumination array: narrow-band, 2 MHz waves were generated by interposing a spatially selective optical mask between a bundle of fibers, delivering laser light, and the target. The mask was illuminated with laser pulses with 10 ns of duration, repeating at 20 Hz. A modulated continuous wave laser diode was used to generate ultrasonic Lamb waves in a thin steel plate, as well [31] .
Moreover, TUG, in conjunction with optical ultrasonic detection, was applied to induce high-frequency ultrasound, with picosecond duration, or shorter, to study mechanics and structural characteristics of thin layers [32] - [34] .
B. Opto-Acoustic Spectroscopy
Opto-acoustic spectroscopy is the term usually used to label all those techniques based on opto-acoustic ultrasound generation and ultrasonic signal spectral analysis, used when the dimension of the defect to be detected is small in comparison to the generated ultrasonic wavelength [35] , or when material mechanical and structural organization must be investigated. Opto-acoustic spectroscopy imposes the adoption of an echo detection measurements setup [ Fig. 1(b) ].
In the extension of this method to biomedical diagnosis [36] , the biological tissue under test absorbs laser light and generates ultrasound detectable by a conventional piezoelectric transducer. The information carried by these ultrasonic signals is mainly related to the optical absorption properties of tissues, and the adoption of high-frequency, broad bandwidth receiver might permit to strongly enhance the actual diagnostic capability.
Opto-acoustic spectroscopy has been used to characterize in vitro vascular tissues [32] , working both in thermoelastic [37] and ablation regime [38] : the in vitro sample is immersed in a liquid in which ultrasound can propagate, according to the experimental setup sketched in Fig. 1(b) . Many efforts have been made to characterize test-layered structures [39] and to develop signal-processing algorithms [40] . It also has been observed that large bandwidth detection can improve the capability of radio frequency ultrasound spectral analysis [41] . Chen et al. [11] realized miniaturized transducers by adopting a fiber to deliver the laser light; the echo signal was detected by a polymer piezoelectric transducer with a 5-mm diameter active area, concentrically positioned with respect to the fiber optic. This probe has been used to study in vitro biological samples [42] .
C. Thin Metallic Film Generation
Opto-acoustic spectroscopy may become a powerful diagnostic tool in medicine. The TUG may lead to strong improvements in the capability of traditional echographic techniques, if a proper source is developed. In order to make the properties of the generated ultrasounds as independent as possible from the medium biological characteristics, ultrasounds have to be generated before reaching the medium under test and not inside the medium itself. A possible solution is to immerse the in vitro biological sample inside an absorbing medium, which can be a liquid (like ink) or a gel, according to the scheme of Fig. 1(b) . Ultrasounds are generated inside the absorbing medium, then propagate through and inside the tissue [43] - [46] . However, this solution is clearly not suited for in vivo diagnosis. To construct practical sources, appealing also for intravascular and intraluminal applications, it is possible to embed an absorbing layer within the probe. In this situation, ultrasounds are produced independently from the optical absorption characteristics of the medium under test. In fact, it was demonstrated that the bandwidth of the generated ultrasound is strongly affected by the material optical penetration depth [47] . High optical penetration lengths are associated with narrow ultrasonic bandwidth.
The possibility of generating high-frequency ultrasounds with thin film was first demonstrated by Melcher and Gutfeld [48] . They put in evidence the importance of film mechanical boundaries and constraints by considering a thin film deposed over a glass slab illuminated by 5-10 ns laser pulses. The generation at metal-liquid interfaces was investigated two years later [49] , using a molybdenum film evaporated onto Pyrex glass. The metallized glass was immersed in a liquid medium, then a pulsed laser, guided by a fiber, was used to quickly heat the film according to the scheme of Fig. 1 (c). Oksanen and Wu [50] reported the temporal evolution of the ultrasonic field generated by a metallic film sandwiched between two layers of polyethylene. The film, with its glass support, was immersed in a propagating liquid and coupled to a fiber carrying laser pulses of 150 ns of duration and 0.1 J of energy. Pressure pulses with amplitude of 50-100 Pa were detected a few millimeters away from the source. More recently, Biagi et al. [20] , [47] , [51] proposed the realization of an all fiber optic ultrasonic source by directly evaporating a thin metal layer over the tip of an optical fiber. Using a nitrogen laser (3 ns pulse duration, 1 µJ pulse energy) to excite a chromium film evaporated onto the fiber tip, a conversion efficiency of 10 −7 was estimated. In this arrangement, the fiber optic, in addition to guiding the laser beam, constitutes the mechanical constraint inhibiting ultrasound backpropagation, leading to an improvement of efficiency. The most attractive features of such a device are the ease of manufacturing and the extreme miniaturization. Unfortunately, the generated pressure pulses are extremely weak because the film reflects a large amount of the incident laser energy. This is the main reason why no consolidated practical applications of metallic thin film TUG presently exist.
D. Efficient Thin Film TUG Generation
In order to improve the efficiency of TUG in thin films, it appears reasonable to replace the metallic film with a layer exhibiting higher optical absorption, lower reflectivity, and good thermal properties. The innovation we have introduced in this field made it possible to increase the opto-acoustic conversion efficiency of about two orders of magnitude. Layers made with crystalline graphite or by using graphite powder mixed with epoxy resin are pro-posed and demonstrated to be suited for generating large bandwidth ultrasonic pulses with high efficiency [22] .
In particular, the authors proposed to coat the fiber tip with carbon-based material [15] . An exhaustive carbon, thin-layer, opto-acoustical behavior characterization was carried out. In order to avoid the technical problems connected to the deposition of different layers over the fiber tip, the device was simulated by using samples constituted by 1-mm thick glass microscope slabs, on which different carbon mixtures were deposed. Many samples, characterized by mixtures with different thickness (10-500 µm) and different graphite concentrations (up to the 20% of fractional weight, FW) were tested. It was observed that graphite grains lead to strong light absorption, and the global layer acoustical properties were imposed mostly by epoxy resin, whose acoustic impedance is close to that of water, leading to a good matching with organic tissues. In addition, the impedance of the resin is much smaller than that of a quartz fiber or of a glass support. Thus, the absorbing layer is a constrained ultrasonic source and, as a consequence, negligible ultrasonic back propagation occurs. Finally, these layers are very simple to manufacture and handle.
The realized samples were tested with an experimental setup according to the arrangement of Fig. 1(c) . The laser light was coupled to the fiber optic through a focusing lens. The fiber was immersed in a tank filled with water and supported by a mechanical holder that assured the appropriate position between the fiber and the glass samples.
The ultrasonic receiver, 60 MHz membrane hydrophone (Marconi 699/1/00002/200, Marconi, London, UK), was positioned in front of the glass sample and aligned with the fiber optic source. The radio frequency signal was amplified by a commercial broadband receiver (Panametrics 5601A/ST, 150 MHz bandwidth, Panametrics, Atlanta, GA) and acquired by a digital oscilloscope (500 MHz Tektronix TDS540, Tektronix, Beaverton, OR). The data were transferred to a personal computer for processing.
The laser source was a 25 mW diode-pumped, solidstate laser (Nd:YAG) with a passive Q-switch crystal (Lasertech LCS-DTL-122QT). The laser has pulse energy E pulse = 13 µJ, 6 ns pulse duration, and a maximum repetition frequency equal to 2 kHz.
It results, from measurements, that conversion efficiency increases monotonically as thickness is reduced down to the optical penetration depth of the layer (of the order of 10 µm) [15] . The ultrasonic peak-to-peak maximum amplitudes corresponding to samples with different thickness (µm) and graphite powder concentration (FW) are depicted in Fig. 2 , in which the data collected by using crystalline graphite also are reported.
As a general trend, all the plots show decreasing amplitude as the film thickness increases, and this fact can be related mainly to the effect of the resin acoustic absorption and to the scattering determined by graphite grains. In order to evaluate these effects, the acquired data have been fitted using an exponential decay law. The attenuation co- Fig. 2 . Peak-to-peak maximum amplitude of radio frequency signal versus sample thickness (µm) detected for different graphite powder concentration (FW), and for two crystalline graphite samples. For each FW value, the curves are plotted following an exponential decaying law.
efficient monotonically increases with graphite concentration and accounts for both absorption and scattering. It ranges between 100 and 550 µm −1 . The highest efficiency can be obtained by using a layer with small thickness and high graphite concentration. Pressure waves with a peakto-peak amplitude of the order of 10 kPa have been measured a few centimeters from the source, corresponding to a conversion efficiency of about 10 −5 and, as a consequence, two orders of magnitude are gained with respect to configurations in which aluminum is used.
The bandwidth of the generated signals also is influenced by the characteristics of the layer. When short laser pulse duration is used, the ultrasonic bandwidth is mainly limited by the thermoelastic generation zone spatial extension, which in turn is a few times the optical penetration depth. Grain scattering and resin absorption, which are effective, especially in thick samples, must be considered in order to evaluate the resulting ultrasonic bandwidth [15] . Pressure pulses with a bandwidth up to 50 MHz have been measured, as shown in Fig. 3 . Considering that a 60 MHz ultrasonic receiver spectral response is used, this result is consistent with the laser pulse spectral distribution, as derived from the theoretical model [52] .
III. Ultrasound Detection by Fiber Optic Interferometers
A. General Overview
The development of fiber optic hydrophones started in the 1970s [53] in conjunction with the study of interfero- metric detection of pressure waves, motivated by the typical versatility of fiber optic sensors. In the same period, one of the main thrusts behind optical detection of ultrasound was to exploit fully the potential of laser ultrasound generation by coupling both techniques, to develop a powerful inspection tool for materials [54] . Intrinsic fiber optic ultrasonic sensors, in which a portion of the fiber acts as a sensing element, have been widely studied over the last two decades. Many of these sensors were interferometric [55] , polarimetric [56] , or based on Bragg gratings [57] . Sensors based on different effects, such as modulation of fiber propagation losses or tip reflection coefficient induced by pressure variation [58] , [59] , were realized as well. However, in the early 1990s, extrinsic fiber optic detection appeared to be a technique better suited for local measurements and to construct miniaturized transducers. The study of extrinsic sensors in their present form started with the work of Beard and Mills [16] . However, a similar idea also can be found in former works [60] , [61] , in which the realization of a Fabry-Perot cavity, embedded inside the fiber, was proposed.
Extrinsic sensors use the optic fiber simply to deliver light to and from an optical interferometer placed at the end of the fiber. The interferometer is the only active element of the system, and it can be constructed using the most appropriate materials and geometry. It can have small thickness and a small active area (equal to the fiber core section), thus exhibiting low sensitivity to environmental thermal and pressure fluctuations. Another consequence of the reduced cavity thickness is that a long coherence laser is not needed. In addition, many polymers possess acoustic impedance close to that of water, thus determining an improved uniformity of frequency response. These characteristics make extrinsic sensors particularly appealing for biomedical applications. Extrinsic detection advantages in comparison to intrinsic detection have been widely discussed in [16] .
B. Operating Principle of Extrinsic Acousto-Optic Detection
General Scheme:
The general scheme of an extrinsic fiber hydrophone, based on a Fabry-Perot interferometer, is depicted in Fig. 4 . A continuous wave laser beam is launched inside a fiber. The interferometer is attached to the fiber tip, as shown in the inset of Fig. 4 . A beam splitter directs the light reflected by the interferometer toward a photodiode, which measures the light intensity. The cavity is normally constituted by a plastic film with a thickness of some tens of micrometers; the faces of the cavity may be coated or not, as discussed in the following. The fiber core and the interferometer can be in intimate contact, if the cavity is chemically deposited over the fiber tip. The cavity also can be glued to the fiber end, or it can be mechanically kept in its proximity. In the latter case a thin layer of the propagating medium fills the empty space between the cavity and the fiber. The device works as follows: a pressure wave, impinging over the interferometer, modulates its thickness. This change in thickness produces a modification in the interferometer reflectance, defined as the ratio between the reflected and the incident light power, and thus induces a change in the light intensity detected by the photodiode.
Analysis of Cavity Deformation:
This phenomenon can be studied in a simple and intuitive fashion by considering a one-dimension system constituted by three layers: a backing, the cavity, and the propagating medium (usually water). A monochromatic plane acoustic wave of maximum amplitude P 0 is assumed to propagate from water through the cavity. Cavity metallizations are usually so thin in comparison with acoustic wavelength Λ that they do not affect sound propagation and can be neglected. Once the pressure field has been evaluated, the instanta-neous change ∆L(t) in cavity thickness, as discussed in [16] , is given by:
E is the Young's modulus of the cavity filling and L is the unperturbed cavity length. Usually a plastic material is used to construct the cavity because the Young's modulus of many polymers (4-5 GPa), low in comparison with that of a fused-silica fiber (70 GPa), determines higher deformations. The magnitude and the phase of the thickness change ∆L(f ) of the ultrasonic signal impinging on the cavity are simulated in the frequency domain using a theoretical background derived by Beard and Mills [16] for a 23 µm polyethylene terephthalate (PET) cavity with different interfaced materials. The thickness change ∆L(f ) is calculated as shown in (2). T is the acoustic transmission coefficient into the cavity at x = L, R 1 and R 2 are, respectively, the internal acoustic reflection coefficients at x = 0 and x = L. Moreover, k and c, used later, represent, respectively, the ultrasonic wave number and velocity in the cavity medium.
The calculated magnitude of ∆L(f ), referred to the maximum ultrasonic pressure value P 0 , is reported in Fig. 5(a) . Its phase delay with respect to that of the incident ultrasound wave is shown in Fig. 5(b) . ∆L(f ) reduces to zero, according to (1) , for all the ultrasonic wavelengths for which the induced pressure field presents a zero mean value in the cavity. The continuous line plot corresponds to an ideal case in which the cavity has the same acoustic impedance of the propagating medium, and the cavity backing is completely reflecting. In this situation, the highest deformation and smallest bandwidth are obtained. The zero frequencies repeat every c/2L. A simple, practical case, highly resembling this ideal situation, is constituted by a cavity in direct contact with the fiber core, and it corresponds to the dashed-line plot in Fig. 5 (quartz parameters were used for the backing). The continuous bold plot in Fig. 5 corresponds to the case in which both the backing and the propagating medium are water. It can be seen that a layer of water between the fiber and the resonator increases the bandwidth. The distance between two subsequent zeros of the plot is equal to c/L. However, the choice of water layer thickness is critical. A large spacing reduces the fraction of reflected light collected by the fiber. However, a short spacing may determine a signal distortion due to interference between the incident wave and the wave reflected by the fiber-water interface. In addition, the increase in bandwidth is intrinsically accompanied by a reduced sensitivity. Nice analytical approximations for the plots of Fig. 5 can be obtained by writing the sound field inside the cavity as sum of multiple reflections. However, the information derived from these one-dimensional models is only qualitative and far from being accurate because the wavelength of ultrasounds at the frequencies of interest (of the order of 10 MHz) is comparable to the fiber diameter. Sound scattering from sensor edges is not negligible [62] and should be accounted for in an accurate modeling.
Analysis of Reflected Light Intensity Modulation:
When the cavity length changes, its reflectance varies too. A one-dimensional model is more reliable because the wavelength of visible light is much shorter than the size of the system. We consider a plane light wave propagating along x direction (see the inset of Fig. 4) , and we calculate the interferometer reflectance R as a function of the optical cavity length φ = 4πnL/λ ; here, n is the relative refractive index of the cavity and λ is the optical wavelength of laser light. If the cavity is not coated, if it is surrounded by a homogeneous medium, and if all the materials do not have losses, R can be expressed simply by an Airy function [63] . When considering the values of interest for acoustic pulse duration (∼100 ns) and cavity thickness (∼10 µm), a quasistatic hypothesis can be formulated by assuming that, from the point of view of light rays, the cavity always has a fixed thickness L(t), as obtained from (1) .
Even in presence, a strong pressure wave (1 MPa), the maximum change in cavity length is, according to Fig. 5(a) , of the order of 10 nm; such length modulation is much shorter than usual laser wavelengths. It follows that the curve R(φ) can be considered linear around the operating point, and that the cavity sensitivity is equal to s L = dR/dφ. The voltage signal at the detector, v S , can be related to ∆L(t) of (1) by neglecting the bias value caused by the reflection R 0 , existing when no induced pressure field is present.
For a low-finesse interferometer (F 1), R(φ) can be approximated by a sine function. In this case, the highest sensitivity s L occurs if φ = 2mπ ± π/2, m being an arbitrary integer. This situation, in which the reflected field has a net phase shift of π/2 with respect to the incident wave, is usually referred to as phase quadrature condition. When using a high finesse cavity, the highest available sensitivity s L is strongly increased, but two drawbacks arise. First, the direct current (DC) level of the reflected intensity rises as well, reducing the available dynamic range of the photodiode. Second, the range of φ in which the R plot is not flat (with zero sensitivity) becomes narrower; thus, an accurate and cumbersome regulation of the ratio L/λ is needed.
A good compromise between high sensitivity, low DC level, and ease of regulation may be reached using a plastic cavity coated with two different layers: a slightly reflecting layer facing the fiber tip and a heavily reflecting layer on the other side [43] . A good and simple solution is the use of metallic depositions. In this case, to get a reliable theoretical prediction, it is necessary to take into account optical phase shift and absorption inside metal coatings [64] . The simulated reflectance for a metal-coated cavity immersed in water is shown in Fig. 6 . A laser wavelength of λ = 670 nm and a PET cavity with thickness close to 23 µm, metallized with two aluminum layers (5-nm and 25-nm thick) are considered. Now, an operating point with high sensitivity and low DC level can be found.
C. Possible Solutions for Interferometer Construction
The first extrinsic interferometer was based on a thin (50 µm) PET film, acting as a low finesse Fabry-Perot cavity, mounted at the end of a multimode fiber [16] . Using a 7 mW HeNe laser, a total sensitivity S = 61 nV/Pa, a bandwidth B = 10 MHz, and a noise level of 2.3 kPa were obtained. The bandwidth raised to 25 MHz by interposing water backing within the fiber and the film. Afterward, it was proposed to use the same fiber to carry continuous wave laser for ultrasound detection and pulsed laser for opto-acoustic generation [65] ; ultrasonic waves were generated outside of the transducer by heating the target zone. The sensor structure demonstrated in [16] was extremely appealing, and the same geometry has been exploited in many studies, leading to performances comparable with that of piezoelectric hydrophones. An evolution of this kind of probe has been represented by the use of a PET film with metallized faces. The face in contact with the fiber is usually metallized with a partially reflecting coating, and the other with a high-reflecting one. With this solution, an overall sensitivity S = 200 nV/Pa and a bandwidth B = 30 MHz have been obtained [43] using a 23-µm thick PET film. A radiation pattern characterization of the sensor gave a beam width of 60
• . A similar probe was tested in an in vivo clinical application to detect 0.5-5 MPa pulses generated by a lithotripter [66] . A plastic cavity directly deposited over the fiber tip (a 25-µm Parylene layer, with 8% and 70% reflectivity metalizations) was also tested [17] ; a 20 MHz bandwidth and nearly isotropic behavior were revealed.
Another possible solution is to deposit a coating of several dielectric optical layers over the fiber tip [67] . The use of a high-finesse dielectric, multilayer system (19 layers, 1.9 µm overall thickness) has been reported, using a 681 nm, 30 mW tunable laser [68] . The frequency response resulted strongly peaked at 24 MHz, leading to a maximum sensitivity of S = 17 nV/Pa. However, this hydrophone responds up to 50 MHz, and band flattening can be obtained by fiber-tip preparation, sacrificing the sensitivity. The issue of constructing opto-acoustic arrays also has been approached. Hamilton and O'Donnell [69] proposed to construct a synthetic array by motor scanning of a 40 MHz interferometric Doppler sensor. Later, the same authors suggested the use of an etalon as a Fabry-Perot interferometer, according to a scheme similar to that proposed in [16] . Multitrace imaging should be obtained by illuminating an etalon with active area larger than the fiber section, and measuring the reflected signal by a photodetector array [18] .
We tested an extrinsic interferometric receiver using a 23-µm PET with aluminum coatings (using a partially and a totally reflecting surface). A laser diode with 670 nm wavelength and 2 mW power was used. No temperature tuning of the laser diode or of the interferometer has been performed. The sensitivity of the bare sensor is S = 0.3 nV/Pa. The response to a 20 MHz ultrasonic pulse, after a 40 dB amplification, is shown in Fig. 7(a) ; it is compared with the same excitation measure by a 60 MHz broadband piezoelectric hydrophone (Marconi 699/1/00002/200). The pressure wave was generated by a 20-MHz transducer (Panametrics V316). The corresponding amplitude spectra are reported in Fig. 7(b) . It can be seen that the interferometric probe reproduces the excitation signal fairly well. The fact that the interferometric receiver seems to detect ultrasound with larger spectrum than that received by the hydrophone can be attributed to the effect of noise, which affects the low amplitude voltage signal received.
IV. Future Perspectives and Conclusions
The challenge of developing complete transmittingreceiving ultrasonic transducers, based exclusively on fiber-optic technology, has been addressed. This issue is extremely important because opto-acoustic devices represent a promising tool for the development of a new generation of ultrasonic probes for echography, characterized by high frequency and high bandwidth. Moreover, if fiber optic technology is used, two other fundamental benefits can be reached: absence of electrical wiring, with consequent inter-channel interference reduction, and strong miniaturization.
The authors have shown that an efficient source of ultrasound can be obtained by coupling a fiber optic to a low-power pulsed laser, if a graphite or graphite compound layer capable of absorbing laser light is mounted at the fiber end [15] . Pressure pulses with an amplitude of the order of 10 4 Pa and bandwidth extending up to 50 MHz have been generated. By merging this kind of ultrasonic transmitter with the know-how emerging from literature over the last decade about on-fiber extrinsic interferometric receivers, a complete ultrasonic transducer could be realized [20] , [21] .
Other authors recognize graphite, or other carbonbased materials, to be appropriate candidates for the realization of absorbing thin layers in order to generate high frequency and high bandwidth ultrasonic source [70] , [71] . However, some practical problems need to be approached. A reliable technique to obtain a thin absorbing layer directly on the fiber tip has to be found. Some preliminary tests have indicated that the deposition of graphite by chemical vapor deposition (CVD) over glass is not, up to now, proposable because adhesion problems have not completely been overcome. The same difficulties are expected to affect graphite deposition over a quartz fiber.
With regard to the deposition of the optical interferometer over the fiber tip in the receiving element, no technological difficulty seems to exist. Beard et al. [17] report the realization of an interferometer by superposing on a bare-cleaved, optic-fiber end, by flash evaporation of aluminum, a first partially reflecting layer, on which in turn a Parylene film is deposited directly from the gas phase. A second metal layer is deposited on Parylene and is fully opaque with a reflection coefficient of 70%. Moreover, fulldielectric sputtering technologies, in which metallizations are substituted by a succession of dielectric layers, have been successfully implemented in the realization of such interferometers [68] and make it possible to foresee low cost and large-scale production of these ultrasonic receivers.
An apparatus for virtual biopsy may be developed using, in conjunction, opto-acoustic and acousto-optic devices based on fiber-optic technology, as depicted in Fig. 8(a) . The intrinsic high frequency and wide bandwidth associated both with the opto-acoustic source and the interferometric acousto-optic element could open a way toward biological tissue microstructure characterization by means of appropriate signal processing techniques, based on spectral analysis [1] , [5] , [21] , to investigate frequency-selective responses in tissue. Extreme miniaturization, which can be obtained by fiber-optic technology, permits positioning of the transducer in close proximity to the focal lesion, avoiding the reduction of the penetration depth imposed by the strong attenuation at high frequency. Virtual biopsy would be an outstanding tool for the analysis of many pathologies, including tumors and atherosclerotic plaques. Some schemes for complete miniaturized acousto-optic probes have already been proposed in literature, even if a practical application of these techniques has not yet been carried out. It has been proposed [19] to use laser light guided by a fiber to excite plaques and other obstructions in vessels and to detect the arising ultrasounds by piezoelectric transducers wrapped around the fiber end.
At present the authors are involved in research of appropriate technologies in terms of biocompatibility, reliability, repeatability, reproducibility for realizing the complete all fiber-optic-based ultrasonic transducer. Starting from the basic configuration, different assembling solutions are being taken into account to satisfy different practical requirements. In Fig. 8(b) a possible scheme is shown, based on the insertion of the all fiber-optic transducer in the optical channel of a commercial endoscope. Another interesting configuration is considered in Fig. 8(c) , in which the transducer is allocated in a syringe needle to be positioned in close proximity of the focal lesion. In Fig. 8(c) , the transducer is constituted by a single ultrasonic opto-acoustic source surrounded by a bundle of interferometric receivers to catch different ultrasonic sight lines for producing an imaging of the target.
